High intensity focused ultrasound (HIFU) thermal therapies are limited by deficiencies in existing image-guidance techniques. Previous studies using single-wavelength photoacoustic (PA) imaging have demonstrated that HIFU lesions generate contrast with respect to native tissues but have not sufficiently assessed lesion extent. The purpose of this study is to demonstrate feasibility of characterization of in vitro HIFU ablation lesion dimensions using 3D multiwavelength PA imaging. Fresh porcine cardiac and liver tissue samples were embedded in agar phantoms and ablated using a 2.5 MHz small-animal HIFU system. Both 2D and 3D multiwavelength photoacoustic-ultrasonic (PAUS) scans were performed in the near-infrared (NIR) range to characterize the change in the absorption spectrum of tissues following ablation and were compared to stained gross pathology to assess treatment margins and lesion extent. Comprehensive 2D multi-wavelength PA imaging yielded a spectrum in ablated tissue that did not display the characteristic local maximum in the optical absorption spectrum of deoxyhemoglobin (Hb) near 760 nm. Two-dimensional tissue characterization map (TCM) images reconstructed from 3D TCM volumes reliably characterized lesion area and showed >70% area agreement with stained gross pathology. In addition, tissue samples were heated via water bath and concurrently interrogated with 2D PAUS imaging. PA signal exhibited an initial amplitude increase across all wavelengths, corresponding to an initial temperature increase, before then exhibiting a spectral change. This study suggests that multi-wavelength PA imaging has potential to obtain accurate characterization of HIFU lesion extent and may be better suited to guide HIFU ablation therapies during clinical treatments than single-wavelength methods.
Introduction

High Intensity Focused Ultrasound
High intensity focused ultrasound (HIFU) is a minimally invasive technique that has developed significantly over the last two decades for the treatment of benign and malignant conditions in soft tissues. 1, 2 HIFU treatments use ultrasound transducers with highly controlled beams to instantly achieve destructive temperatures at their focus. This technique has been used to treat targets that may be several centimeters below the skin surface, while preserving healthy tissue as hyperthermal therapy tends to occur at the focus of the beam. 2 HIFU is of clinical interest for several conditions, including atrial fibrillation of cardiac tissue, 3, 4 central nervous system disorders of the brain, 5 treatment of both benign and malignant solid tumors through thermal ablation, 2 and enhanced drug delivery at treatment sites. 6 In the United States, HIFU has been indicated for clinical treatment of uterine fibroids and malignant bone metastases. 7 Image guidance is employed during HIFU for treatment planning, tissue temperature, and assessment of tissue damage during and after treatment (i.e., estimating treatment margins). 2 Real-time image guidance has accommodated adaptive ablation planning, leading to increased efficacy of HIFU treatments and improved precision in estimating treatment margins. 2 Imaging guidance for hyperthermal therapy has been provided by magnetic resonance imaging (MRI), computed tomography (CT), and ultrasound (US), all of which have been able to elucidate anatomical structures and heating-probe location. 8 Several of these techniques have demonstrated the capability to monitor tissue temperature changes, yet only MRI is used as a standard-of-care technique for image guidance during clinical treatments. 9, 10 Photoacoustic Imaging Photoacoustic (PA) imaging is a relatively novel technique that is gaining attention due to its feasibility of implementation as a point-of-care imaging solution, its molecular sensitivity, and its ready compatibility with existing US technology. 11 PA imaging can be achieved through extracorporeal or interstitial application of near-infrared (NIR) laser pulses, which are absorbed by endogenous chromophores or exogenous contrast agents. 12, 13 Due to the "optical window," in which optical absorption by water, fat, and blood decreases dramatically in the NIR region (650-1100 nm), imaging depths of several centimeters can be achieved in soft tissues. 14 Photon energy absorbed by chromophores is converted into mechanical energy through a rapid thermal expansion, which results in the generation of an acoustic transient that propagates through soft tissue and may be detected by a standard US transducer at the tissue surface. 11, 12 Detected signals can then be used to estimate a map of optical absorption with sub-millimeter spatial resolution. Because PA signals are detected using an ultrasonic transducer, PA images can be co-registered with US images. 11 These photoacoustic-ultrasonic (PAUS) images allow for the presentation of anatomical information alongside estimated optical absorption, and thus molecular composition, of the tissue.
The amplitude of PA pressure waves, p T 0 ( ), , , r λ generated as a result of optical absorption by chromophores in tissue, are dependent on the speed of sound in tissue ( 
Contrast in PA images arises from variations in the optical absorption coefficient, which depends on both the concentration of chromophores in tissue and the wavelength of the laser source. Due to the wavelength dependence of the optical absorption coefficient, multiwavelength photoacoustic imaging can be performed by varying the wavelength of the laser through the entire NIR region to estimate the optical absorption properties of the tissue. 11, 15 Varying the location of the PAUS transducer or using a 2D array and obtaining PA signals at several wavelengths allows for the generation of a multi-wavelength 3D PAUS volume. In addition, the temperature dependence of pressure wave generation may allow for real-time monitoring and characterization of temperature change during ablation. [16] [17] [18] [19] 
Current Image-Guidance Methods
Image-guidance techniques greatly improve the outcome of HIFU treatments by allowing physicians to more accurately and completely estimate treatment margins, yet existing imaging modalities are not entirely satisfactory for treatment guidance. 8, 20, 21 Currently, image guidance of HIFU treatments is performed using several standard imaging modalities. Traditional pulse-echo B-mode US provides excellent anatomical information and can provide short-term identification of hyperechoic regions of tissue corresponding to microbubble formation at the site of the HIFU focus; however, it cannot provide quantification of lesion extent. 22 Elastography can be used to assess and characterize induced lesions but can be difficult to implement in vivo and provide a significant number of false-positives. 23 Magnetic resonance imaging (MRI) allows for excellent identification of treatment targets, treatment planning, and real-time tracking of relative temperature changes at the site of ablation through MRI thermography, 9, 10, 24 but it is limited by the high cost and equipment incompatibility imposed by high magnetic field strengths. PA imaging is a promising modality for image guidance of HIFU therapies because of its ready compatibility with existing technology and capability to monitor target and healthy tissue during ablation with sub-millimeter spatial resolution. This level of spatial resolution in fact exceeds the spatial resolution of existing temperature MRI guidance techniques (1-2 mm). 2, 25 HIFU Guidance with PA Imaging PA imaging provides several unique qualities that make it promising as an alternative to existing image-guidance techniques for HIFU. PA imaging is capable of both thermography and spectroscopy, 16, 26, 27 allowing for real-time assessment of temperature changes and tissue state. In practice, conventional US techniques such as Doppler imaging or microbubble-contrast perfusion assessment can also be applied concurrently with PA imaging to assess nearby critical structures, such as vessels. 11 Previous studies of HIFU ablations in vitro and in vivo using PA imaging have shown that PA imaging is capable of providing image contrast in the ablation region. [28] [29] [30] [31] [32] [33] This change in contrast at the ablation site may be attributed to a change in the concentration of chromophores in the tissue as a result of heating. 34 However, single-wavelength methods typically fail to provide enough information to reliably quantify the precise position and dimensions of HIFU lesions. Studies using radio-frequency (RF) ablation have shown that multi-wavelength PA imaging is capable of detecting changes in the concentration of chromophores-specifically in the concentration of deoxy-hemoglobin (Hb)-following thermal ablation and that these multi-wavelength methods allow PA imaging to identify an optical absorption spectrum specific to ablated tissue and distinct from the typical Hb spectrum. 27, 30 In this study, we use the previously described technique 27, 30 in an in vitro environment following HIFU and water-bath ablation of cardiac and liver tissue samples. Both 2D and 3D multi-wavelength PA data of ablated tissue samples are then correlated to these two absorption spectra to create TCMs, which are used to quantitate lesion size for comparison with stained gross pathology. In addition, we examine the temperature dependence of the PA signal as tissue samples are heated in a phosphate buffered saline (PBS) bath.
Method
Sample Preparation and Ablation Procedure
Imaging samples were acquired from fresh porcine cardiac and liver tissues (Animal Technologies Inc., Tyler, Texas) within 24 hours of sacrifice and were never frozen. Excised tissues from one liver and two hearts were used to make three liver samples and three cardiac samples, each approximately 30 × 30 × 20 mm 3 in size. Each specimen was embedded into an agar phantom for HIFU sonication. The HIFU transducer was acoustically coupled to the agar phantoms using ultrasound gel, and samples were each sonicated for 120 seconds at power settings between 22 and 30 watts using a LabFUS 2.5 MHz small-animal HIFU system (Image Guided Therapy Inc., Paris, France). Photographs of the HIFU system, HIFU transducer, and imaging system are presented in Figure 1 . Following ablation, tissue specimens were removed from their agar phantoms, and the uppermost 1.5 to 2 mm of tissue surface was removed to expose ablation lesions to allow for tissue-sample photography and later co-registration with imaging data. In addition, fresh bovine liver tissues (Animal Technologies Inc., Tyler, Texas) were acquired within 24 hours of sacrifice and never frozen. Two samples were excised from one liver and submerged in normal PBS in an imaging chamber containing a heat exchanger. The goal of this experiment was to monitor the tissue PA signal as a function of bath temperature. The tissue sample was located in the center of the copper tubing coil, which comprised the heat exchanger, to generate an approximately isotropic temperature field. Bath temperature was measured via thermocouple at a location a few millimeters from the upper surface of the tissue imaging plane.
Imaging Setup
Following the aforementioned ablation procedure, specimens were anchored in a thin layer of gelatin and submerged in normal PBS to achieve acoustic coupling between the tissue sample and the PAUS transducer. PAUS imaging was performed using a Vevo LAZR 2100 imaging system equipped with a 21 MHz US transducer coupled to a pulsed Nd:YAG laser capable of irradiating from 670 to 970 nm (FUJIFILM VisualSonics Inc., Toronto, Canada). In each sample, a singlewavelength 3D PAUS scan was performed over the extent of the tissue sample to identify a single plane containing the ablation lesion. The location of the lesion was chosen by selecting an area in the 3D PAUS scan exhibiting a hyperechoic US signal and high PA contrast. After identification of the lesion, a 2D comprehensive multi-wavelength PA scan was performed on this plane using wavelengths ranging from 680 to 970 nm in 3 nm steps. A multi-wavelength 3D PAUS scan was then performed on each tissue over a volume including the ablation lesion using five wavelengths in the NIR region (740, 750, 760, 780, 900 nm), corresponding to a distinct feature in the Hb absorption spectrum, 35 and averaging eight frames for each wavelength and location.
For the bath-heated samples, multi-wavelength PA imaging was done using five wavelengths in the NIR region (740, 750, 760, 770, 780 nm), corresponding to the same Hb spectral feature. First, a baseline multi-wavelength PA acquisition was performed. The bath-heat exchanger was then activated, and the tissue bath temperature rapidly rose to approximately 60°C. PA imaging at all wavelengths was conducted at 1-minute intervals for the first 30 minutes, then at 5-minute intervals thereafter, up to 60 minutes. Bath temperature was measured at each imaging timepoint. Immediately post-imaging, the tissue sample was removed from the water bath and bisected at the imaging plane. Photographs were taken of the sample prior to heating, as well as at the point of bisection post-heating.
Staining Procedure
Following imaging, samples were stained using triphenyl tetrazolium chloride (TTC) salts for registration and comparison of gross pathology to PAUS data (Sigma-Aldrich Corp., St. Louis, Missouri). TTC is a redox indicator of metabolic activity: the white stain accumulates in cells and is oxidized to a deep red color by a variety of molecules associated with metabolic activity. 36, 37 Tissue in the ablation region has undergone necrosis and should become white/gray in color, while metabolically active healthy tissue outside the ablation region will become a deep red. Staining solutions were prepared by dissolving 0.1 mg/mL TTC in normal PBS. Tissue samples were submerged in staining solution and incubated at 37°C for 20 minutes with constant stirring. After staining, tissue samples were patted dry and photographed. Bath-heated tissue samples were not stained as the tissue was clearly coagulated throughout the entire tissue volume.
2D Multi-Wavelength PA Analysis
The comprehensive 2D multi-wavelength scans were analyzed to assess whether HIFU treatment results in a change in the PA spectra of tissue. Regions of interest (ROI) were selected in areas showing high PA contrast and areas showing low PA contrast, corresponding to areas of ablated and non-ablated tissue, respectively. The mean PA signal inside each ROI was calculated for each wavelength scanned and plotted to display the absorption spectra for ablated (liver and cardiac, respectively) and non-ablated tissue ( Figure 2 ). 
Creation of TCMs
TCMs were generated using a correlation-based algorithm. Reference absorption spectra for ablated and Hb absorbers were obtained from the comprehensive multi-wavelength PA data (liver or cardiac, as appropriate) using previously described methods. 27 The filtered PA data were compared to two reference spectra (i.e., Hb correlation and a distinct ablated correlation for each tissue type), resulting in two 3D datasets of Pearson correlation coefficients. These two 3D correlation datasets (i.e., Hb correlation coefficients and ablated correlation coefficients) were then processed with a simple thresholding algorithm. Correlation thresholds of 0.6 were used for both Hb and ablated reference spectra. PA voxels were then classified based on the respective thresholds and correlation coefficients. Voxels that correlated strongly (i.e., displayed correlation coefficients above the threshold) to only one reference spectra were classified accordingly (i.e., class 2 for ablated; class 1 for Hb). Voxels that correlated strongly to both were classified according to their greatest correlation coefficient. Voxels that correlated strongly to neither reference spectra were classified as 0 (no correlation). Thus, a trinary 3D TCM was constructed for each PA dataset and compared to photographed gross pathology. For the bath-treated tissue samples, an equivalent process was employed, save that a correlation threshold of 0.65 was used. A 2D TCM was generated at each time-point, and the 2D multi-wavelength PA signal was examined as a function of time (i.e., thermal exposure).
Image Registration and Characterization of Ablation Size
HIFU 3D TCM data were co-registered with top-view photographs of stained gross pathology by manual registration based on corresponding visual landmarks. Top-view C-scan TCMs were obtained by taking the mode along the depth axis for each voxel at the surface of the TCM volume. Mode calculations were performed from a depth 0.184 mm (corresponding to 5 voxels, which tended to avoid subsurface fluence artifacts) below the surface of the volume to a depth 1.29 mm (corresponding to 35 voxels) below the surface. Borders between areas of ablation and non-ablation were manually segmented in matched TCMs and pathology photographs by three experts, generating three segmentations for each TCM or pathology photograph. The segmentations for each TCM or photograph were analyzed automatically using MATLAB. Pixel-wise lesion area was calculated from each expert-segmentation of corresponding TCM data and gross pathology photographs. The mean and standard deviation of lesion areas from the expert segmentations were calculated and subsequently converted to physical dimensions (mm 2 ). Percent area agreement between gross pathology and TCMs was calculated for each tissue sample as,
An SNR analysis was done, comparing SNR up to 8 mm tissue depth, while varying the number of averages. A 0.21 × 0.18 mm 2 sliding kernel was used, analyzing signal along a depth line located in the center of the ROI shown in Figure 5(A) . In addition, a noise image was acquired (degassed water, no laser irradiation) to assess PA image noise at the equivalent depth. Up to 64 averages were used. Analysis was done on beam-formed image data, using the following equation:
where PA and σ noise denote the ROI mean PA signal and noise standard deviation, respectively. The SNR threshold was empirically determined by analyzing the depth, and thus corresponding SNR, at which the TCM loses continuity (i.e., the point at which the gaps/inconsistencies in the solid TCM regions become as large as or greater than the spatial averaging kernel used).
Results
2D Multi-Wavelength PA Analysis Figure 2 displays the results of 2D multi-wavelength PA imaging performed in liver tissue. Figure 2(A) shows an overlay of the single-wavelength PA signal at 710 nm on its matched US image. ROIs shown in Figure 2 (A) represent the area averaged at each wavelength to generate the reference spectra from ablated and non-ablated tissue; these spectra are shown in Figure 2(B) . We expect the dominant absorber to be Hb in this wavelength region as the ex vivo tissue samples should be oxygen-depleted. 14 Non-ablated tissue displays an absorption spectrum that agrees well with that of Hb 27 as the characteristic local maximum in the absorption spectrum around 760 nm is readily apparent. The absorption spectrum in the ROI corresponding to ablated tissue decreases monotonically with increasing optical wavelength and does not display the characteristic 760 nm local maximum of the Hb absorption spectrum, indicating a likely change in the concentration of Hb absorbers due to hyperthermia.
Lesion Area Statistics
TCMs were created by correlating to wavelengths in the region between 740 and 780 nm; the region where ablated tissue and Hb absorption spectra are most distinct. Tissue characterization was achieved at depths up to 3 mm below the surface of the tissue, while gross pathology indicated that lesions extend 5 to 7 mm in depth. Examples of 3D TCM volumes overlaid on matching US volumes for liver and cardiac tissues are shown in Figure 3 . Results of area calculations performed on manually segmented lesions in both TCMs and gross pathology photographs can be found in Table 1 ; a representative sample image can be found in Figure 4 . In TCM volumes, we observed areas of tissue bordering the areas of strong ablation correlation that correlated poorly to both ablated and non-ablated absorption spectra. These areas were segmented in addition to the area that was primarily classified as the lesion and was also compared to gross pathology.
For the bath-heated samples, Figures 5(A) to (E) show a 2D TCM overlaid on co-registered B-mode US images for 5 time-points, with a rectangular square identifying an ROI for spectral analysis. At baseline ( Figure 5A ), strong correlation to Hb is observed to approximately 4 mm in depth across the entire width of the tissue sample. The depth of this correlation decreases to about 2 mm by 15 minutes ( Figure 5B ). By 30 minutes, a thin layer correlating to ablated tissue can be identified at the tissue surface ( Figure 5C ). At 45 minutes, 1 to 2 mm of ablated tissue is identified at the surface, with only sporadic Hb identified beneath the surface, and this trend continues at 60 minutes ( Figure 5E ). Figure 5 (F) shows a surface plot of the mean PA signal of the ROI, normalized to baseline, as a function of wavelength and time. The PA signal rapidly increases for the first 5 minutes after heating onset, but still maintains the Hb spectral shape (local maximum at 760 nm). Amplitude decreases slightly, but spectral shape is maintained until approximately 30 minutes, at which point the spectra begin to flatten, correlating more strongly to the ablated reference spectra thereafter (as shown by the surface color). Figure 5 (G) allows for better comparison of the spectra at prominent time-points. Note that at 5 minutes after heating onset (bath temperature of 52°C), a PA signal increase of approximately 80% from baseline can be seen across all wavelengths. The signal decreases slightly, but remains relatively constant at roughly 50% above baseline until about 30 minutes after heating onset. At 30 minutes, we can see the PA spectrum flattening out, and by 45 and 60 minutes, we observe a monotonically decreasing spectrum that strongly resembles the ablated reference spectrum for liver.
Analysis of TCMs against the SNR results suggests that an SNR of 10 dB is generally sufficient for reliable tissue characterization using this method. By increasing averages, we found SNR using this method can be improved approximately proportional to # , averages allowing accurate TCMs at greater depths in tissue, although at the cost of increased imaging time.
Discussion
In this initial study, we demonstrate that multi-wavelength PA imaging can provide estimates of lesion extent with gross pathology area agreement greater than 79% in liver and greater than 70% in cardiac tissue. As has been shown previously 29, 32, 33 and demonstrated in this study (Figure 2) , high PA-signal contrast in the ablated lesion center can be obtained using a single laser wavelength. However, PA imaging data from a single wavelength tend not to be sufficient to completely characterize the extent of the ablation lesion. Although single-wavelength PA imaging may be useful to perform a quick 3D scan and obtain a rough identification of the lesion center, multi-wavelength TCMs provide significantly more information about the boundaries and extent of ablation lesions, as shown by comparing Figures 2(A), 3(B) , and 5(A) to (E). Focusing on the wavelengths where the absorption spectra of ablated and non-ablated tissue display different features, multi-wavelength TCMs were able to identify HIFU ablation lesions in ex vivo cardiac and liver tissue and obtain area agreement with gross pathology photographs in excess of 70% and with sub-millimeter spatial resolution. TCMs compared well with manually segmented gross pathology photographs (minimum 70% area agreement), demonstrating multi-wavelength PA imaging as a potential tool for HIFU lesion identification and quantification.
Despite our success in the identification and characterization of HIFU ablation lesions in cardiac and liver tissues, limitations in PA imaging and our experimental setup prevent ideal characterization of lesion dimensions. Imaging artifacts immediately at the surface of the tissue were observed and are believed to be the result of subsurface photon fluence and refractive index discontinuities between the surface of the tissue and the PBS used to couple the tissue to the ultrasound transducer. In our study, these artifacts were mitigated when creating 2D TCM images of the top-view plane by using a depth 0.184 mm below the tissue surface as the starting point for reconstruction of the C-scan projected views.
PA-based TCMs also underestimated lesion depth in this experiment. Depth of PA imaging is limited by scattering of photons, which increases the likelihood of absorption by chromophores at shallower depths in the tissue. In this experiment, imaging depths were limited to no more than 3 mm below the surface of the tissue, yet HIFU lesions extended 5 to 7 mm in depth. Several techniques could be employed to increase the penetration depth of imaging, including increased photon fluence and increased frame averaging to improve the signal-to-noise ratio at depth, as discussed below. Interstitial delivery of light by laser fibers also allows for significantly deeper light delivery to provide image guidance of treatments on deep-lying tissues, such as the liver and kidneys. 38 By employing these methods, it should be possible to extend imaging depth beyond 3 mm. In addition, penetration depth could possibly be improved in in vivo experiments due to the fact that tissues will be highly oxygenated. Optical absorption by oxygenated hemoglobin is roughly an order of magnitude lower in the NIR spectrum than that of Hb. 15 This reduction in optical absorption may allow increased optical penetration depth while maintaining energy, but it may require re-optimizing imaging wavelengths to maintain contrast between ablated and native oxygenated tissue.
A noteworthy effect observed in this experiment was the appearance of a ring of tissue surrounding the area correlating to ablated tissue in TCMs that did not correlate well to either the obtained ablated tissue spectrum or the standard Hb spectrum. This effect was observed in both liver and cardiac tissue in our study and has been reported in previous studies. 27 In cardiac tissues, the area of non-correlation was not always observed. An example of this effect is seen in Figure 4 (C), where an area of non-correlated tissue (i.e., black) borders the upper area correlating highly to ablated tissue (i.e., red) at the core of the lesion. The segmentation region containing the region of ablation-correlated (red) and non-correlated (e.g., also including the black region extending from 4 to 6 mm in elevation in Figure 4C ) tissue showed better agreement with segmented ablation regions in gross pathology photographs than the segmentations of the ablation-correlated region alone. Regions of ablation correlation alone tended to underestimate the area extent of lesions when compared to gross pathology segmentations. The change in the PA spectrum in ablated tissue likely results from hyperthermia-induced changes in the Hb chromophore. It is possible that incomplete conversion of Hb occurs at the edge of the ablation region due to reduced increase in local temperature as compared to the core of the lesion, resulting in an absorption spectrum that did not correlate well to either Hb or the lesion core. The capacity of PA imaging to assess temperature has been previously demonstrated by examining changes in PA amplitude. 16, 19 By applying similar techniques, we were able to track the relative temperature rise in the bath-heated tissue sample during the first several minutes. As shown in Figure 5 (F), the PA amplitude then decreases slightly after five minutes. We suspect this is primarily a result of changes in surface fluence. As can be seen in the B-mode US images in Figure 5 , the tissue swells initially (B and C), before contracting partially (D and E). This initial tissue swelling is likely the result of increased osmotic pressure in the bath, following temperature increase. The swelling is likely to affect the surface fluence, due to a change in separation between the tissue and light emission source. The tissue contraction observed in Figures 5(D) and (E) is likely due to the coagulation of extra-cellular matrix (ECM) proteins, which concurs with the observed strong correlation of the PA signal to the ablated reference spectrum (red region in figures). These results highlight the potential complementary nature of PA thermography and multi-wavelength analysis. Tissue coagulation may also explain the decrease in PA amplitude after 30 minutes, as increased optical scattering following coagulation will reduce fluence, and thus PA signal, at greater depths. While these factors confound PA thermography in this experiment, these issues may not be as prevalent in clinical applications for several reasons. First, tissue hyperthermal therapy typically occurs on the order of several seconds to a few minutes and is typically much more spatially localized, which may reduce large scale tissue swelling or edema. Last, if an optical scattering increase within an ROI correlates to a change in the observed PA spectra, as suggested by this study, it may serve as a partial endpoint for hyperthermal therapy, rather than a mitigating factor to image guidance. Furthermore, if changes in optical fluence and absorption can be accounted for (perhaps by collecting some backscattered light for diffuse reflectance assessment 39 ), PA thermography may be able to quantify thermal dose, comparable to what is currently done using MRI thermography.
The SNR analysis suggests that roughly 10 dB SNR is necessary for reliable TCM analysis. Our particular system showed that, with 64 averages, the SNR up to 5 mm can be improved to allow for reliable TCM analysis. Although increased averaging may be prohibitive in some clinical applications, such as cardiac imaging, this analysis suggests a baseline to predict TCM accuracy as a function of depth for a given application and imaging system.
Future Work
Development of in vivo imaging solutions will be necessary to apply PA imaging clinically for guidance of HIFU treatments. Although development of an in vivo system for combined HIFU therapy and PAUS imaging will not be a trivial task, building upon previous work by Cui et al. 29, 31, 32 and Prost et al. 40 may improve single-device integration, which allows straightforward co-registration of HIFU ablation space with PA and US imaging spaces. This would overcome a significant hurdle for clinical translation.
Real-time image guidance remains a currently unrealized goal for developing PA imaging systems. While this study used a laser source with a pulse repetition frequency (20 Hz) that limited acquisition to near-real-time imaging (five single-wavelength frames per second, without averaging), commercial laser systems operating at kilohertz pulse repetition frequencies are readily available at select wavelengths, albeit sometimes with lower pulse energies. These systems may allow PA imaging, with proper wavelength selection, to achieve complete real-time image guidance exceeding 30 frames per second. 27 Corroboration of these results in an in vivo model is necessary to confirm that the findings reported here are relevant to further clinical application. One recent study 28 has reported inconclusive findings, showing that while most single-wavelength ex vivo studies reported positive PA contrast in the ablation lesion, it is possible to observe negative contrast in ablation lesions in vivo. One proposed explanation is that variations in thermal deposition between in vivo and ex vivo models may lead to a different distribution of chromophores between the two environments. As our method relies upon correlation to multiple laser wavelengths, it may be possible to identify a difference in the chromophores present in the ablated regions of in vivo and ex vivo models. Although the data in this study suggest Hb is present in significant quantities before ablation and is significantly reduced following ablation, it is not clear which chromophore(s) is generating PA signal in the ablated region. Previous work has suggested that increased temperatures during thermal therapy may give rise to a variety of hemoglobin derivatives, which may account for the observed contrast between normal and ablated tissue. 34, 41, 42 Although production of hemoglobin derivatives is often cited as a potential source of contrast in ablated tissues, to our knowledge, no study has shown definitively that the proposed derivatives are produced in significant concentrations in tissue. Studies of the thermal unfolding and aggregation process of hemoglobin using 2D infrared spectroscopy have shown that thermal degradation is a complex, multi-step process that is irreversible once local tissues reach a certain temperature threshold: initial destabilizations in the structure of hemoglobin occur at low temperatures between 30°C to 44°C. complete thermal unfolding occurs between 44°C to 54°C. and irreversible aggregation of the denatured protein occurs at temperatures above 54°C. 43 This complex, three-stage denaturation process involves several potentially irreversible conformation changes in the structure of hemoglobin. Given the dependence of protein optical absorption on the 3D structure of the protein, these irreversible, temperature-dependent structural changes in hemoglobin may explain the observed elimination of the 760 nm peak in the Hb spectrum in ablated tissue. Partial unfolding of Hb may yield a range of different absorption spectra in ablated tissues rather than a single absorption spectrum corresponding to a single chromophore. This range of unfolding states could explain the observed correlation discrepancies at the edges of tissue lesions and could be developed to benchmark levels of partial tissue coagulation. In future studies, it would be useful to submit samples of ablated and non-ablated tissues to hemopathological and chemical assays to identify with confidence which chromophores are present and in what concentration before and after ablation.
PA-based temperature monitoring must also account for changes in optical absorption and fluence. A previous study 44 monitored the PA-signal ratio at two different wavelengths during tissue heating, verifying that PA-signal variations occur consistently across wavelengths until the tissue undergoes a change of state (i.e., thermal coagulation), as we observed. By analyzing complementary PA-signal amplitude and multi-wavelength techniques used herein with more applicable hyperthermia models (RF-and HIFU-hyperthermal therapy using in vivo models), we can better evaluate and improve their utility, which is paramount to implementing real-time imaging guidance for thermal treatment.
Conclusion
We have demonstrated the feasibility of using multi-wavelength PA imaging to create tissue characterization volumes that allow the differentiation of HIFU-induced tissue ablation lesions from non-ablated tissue and to estimate the treatment margins of tissue ablations in 2D planes in ex vivo cardiac and liver tissue samples following a HIFU ablation. Multi-wavelength PA imaging demonstrates that HIFU-induced hyperthermia results in changes in the Hb absorption spectrum that can be leveraged for PA-based segmentation. Multi-wavelength TCMs were used to successfully identify lesion size with a greater accuracy than single-wavelength methods. Multi-wavelength TCMs agreed with gold-standard stained pathology images (70% area agreement) and were able to successfully assess lesion margins with a spatial resolution comparable to existing temperature MRI techniques. In addition, we demonstrated the complementary nature of PA thermography and multi-wavelength TCMs. Furthermore, in vivo experiments concurrent with treatment must be performed to assess PA-signal changes in living tissues. These results suggest that multiwavelength PA imaging and PA thermography present a promising modality for guiding hyperthermia therapies that depend on precise knowledge of temperature and lesion extent to preserve critical structures.
